Abstract-This paper studies the design and application of an interferometric sensor system intended for measuring intraocular pressure. The system consists of a hermetically sealed, biocompatible, wireless, and powerless interferometric pressure sensor and a portable handheld reader. The interferometric pressure sensor consists of a 200 nm silicon nitride diaphragm, a 10 µm SU-8 spacer, and a 200 µm glass substrate. As monochromatic light is directed towards the sensor cavity, interference fringes between the silicon nitride diaphragm and the glass substrate form as a function of the applied pressure. In-vitro measurements show pressure in the range of 0-60 mmHg can be determined reliably with an accuracy of ±0.3 mmHg, while ex-vivo experiments using rabbit cornea showed an accuracy of ±0.6 mmHg. The resolution of the sensor is 0.2 mmHg. These results demonstrate the ability of the system to measure small changes in pressure, including intraocular pressure of glaucoma patients.
I. INTRODUCTION

E
LEVATED intraocular pressure (IOP) continues to be the primary risk factor for glaucoma due to its association with optic nerve damage and irreversible blindness [1] , [2] .
For approximately 60 million people worldwide suffering from this disease, careful monitoring and lowering of eye pressure are essential to preventing optic nerve deterioration and further loss of vision. Current standard care, which involves routine IOP measurements during office visits, can only provide snapshots of the patient's IOP profile. Infrequent measurements are inadequate to represent and characterize the patterns of the disease [3] , [4] . Furthermore, the Goldmann tonometer, the current gold standard for measuring intraocular pressure, is an applanation technique that provides an indirect pressure measurement based on the amount of force required to flatten the corneal surface [5] . This measurement method is susceptible to error due to the variation of corneal thickness and other biomechanical properties that may vary from patient to patient. In order to improve glaucoma care, there is a pressing need for frequent and reliable IOP measurements to understand the relationship between elevated eye pressure and optic nerve damage [6] .
To date, a number of methods have been investigated to address the need for measuring intraocular pressure on a frequent basis. Approved by the FDA in 2016, the SENSIMED Triggerfish device is a strain-gauge based contact lens that determines the intraocular pressure using the changes in corneal curvature [7] , [8] . This approach is limited due to the variation of individual ocular surface characteristics such as size and corneal rigidity as well as physiological effects such as eye movement and eye lid pressure [9] .
In order to obtain greater accuracy and reliability, implantable MEMs devices have been developed for direct pressure measurements that include both passive and active sensing methods. In the past two decades, a number of active approaches based on capacitive and piezoresistive principles have been studied [10] - [17] . The sensor proposed by Ghaed et al., for example, correlates changes in IOP with capacitance and transmits the information wirelessly using a transceiver unit. The device employs solar cells to recharge the power source, requiring approximately 2 hours of sunlight daily in order to operate [10] . Similarly, Ritzq et al. have proposed an active approach that utilizes a battery powered piezoresistive pressure transponder to measure pressure [11] . Most active sensing methods integrate complex electrical components and require an internal power source. The latter is not desirable in implantable devices due to increased post-surgical risks and limited lifetime. Recently, new approaches have emerged using passive sensing, which require no internal power supply to operate. Passive devices commonly rely on physical or mechanical principles to sense pressure. Araci et al., proposed measuring pressure using changes in a gas-liquid interface [18] . By detecting the position of the interface with respect to channel markers, they showed that the sensor can reliably measure changes in pressure. Chen et al. [19] - [23] proposed various capacitive sensing designs that employ RLC circuits to passively measure pressure. Recent advances in passive sensing have opened new avenues for safe and reliable pressure measurements using optical approaches such as spectral reflectance [24] , apparent contact area [25] , and fluid displacements [26] . Ghannad-Rezaie et al. utilized changes in the intensity ratios of quantum dot layers to measure pressure with a 2 mmHg error [27] . Their approach has limited accuracy in comparison to previously proposed sensors in the literature [18] - [26] .
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See http://www.ieee.org/publications_standards/publications/rights/index.html for more information. measurement using an optical method based on the principle of interferometry. Due to its versatility as a measurement technique, interferometry is used in both scientific and industrial applications ranging from biomedical diagnostics [28] to disk drive technology [29] for determining small changes in distance. Previously, Hastings et al. [30] have patented the potential use of interferometry to measure intraocular pressure, showing its promising applications in biomedical devices. Totsu et al. [31] , employed the use of Febry-Perot interferometry to measure blood pressure using fiber-optics. However, no studies on the design and performance of an implantable interferometric intraocular pressure sensing device or system have been published in literature.
In this paper, we present a novel pressure measurement approach using an implantable interferometric pressure sensor coupled with a portable hand-held reader. The sensor measures pressure with high accuracy, is biocompatible, is sub-mm 3 in size, and does not require an internal power source.
II. SYSTEM DESIGN
The intraocular pressure measurement system ( Fig. 1) consists of a passive pressure sensor implanted in the eye and a portable optical reader. The sensor is envisioned to be incorporated onto an intraocular lens or a capsular tension ring and implanted during cataract surgery. Due to its small form factor of 1.5 mm × 1.5 mm × 0.4 mm, the sensor covers only a small part of the intraocular lens. The optical reader unit can be integrated into a standard slit lamp used in clinical offices or a handheld device with an autofocus camera as shown in Fig. 1 .
III. DESIGN AND THEORY
A. Principle of Operation
In Fig. 2 , a schematic of the sensor is shown. The sensor consists of a square flexible silicon nitride (SiN) diaphragm, a rigid glass substrate and a spacer to form a cavity of height h. As the external pressure increases, the diaphragm deflects inward, reducing the gap distance d(x,y). In our current sensor, the diaphragm length 2a is 500 μm, the cavity height h is 10 μm and the footprint of the sensor is 1.5 mm × 1.5 mm.
The principle of the optical sensor is shown in Fig. 3 . Monochromatic light with coherence length L c > 2h is directed at the sensor cavity. Interference of light reflected from the bottom surface of the glass substrate (R 1 ) and the top surface of the diaphragm (R 2 ) results in bright and dark fringes depending on the spacing d(x, y) and the phase difference φ(x, y) between the two interfering light beams. Schematic of light reflections at the sensor cavity. Incident angle θ i is 0°. Light paths are drawn at an angle for illustration purposes.
The phase difference φ(x, y) is a function of the path difference of the two light beams and can be expressed as a function of the gap distance d(x, y) as
where λ is the wavelength of the incident light and π is the phase shift occurring at the top surface of the diaphragm, i.e., at the transition from an optically thin medium to an optically thick medium. The gap distance is defined as d(x, y) = h − w(x, y), where h is the spacer thickness and w(x,y) is the diaphragm deflection. Thus, as the gap distance d(x,y) varies across the deflected diaphragm, bright and dark fringes can be observed. The change in fringe pattern can be utilized to determine the applied pressure P.
B. Square Diaphragm Deflection
The deflection w(x,y) of a square SiN diaphragm can be determined using the shape function approach presented by Rahman et al. [32] and is given by In Eq. 2b, the maximum deflection w 0 = w (0, 0) at the center of the membrane is related to the applied pressure by [33] 
where t, E, and ν are the thickness, Young's modulus, and Poisson's ratio of the diaphragm, respectively. The first term in Eq. 2b represents the contribution of the residual stress σ 0 from the fabrication process. The second and third terms account for bending stiffness and in-plane strain from the deformation of the diaphragm.
IV. MATERIALS AND METHODS
A. Fabrication Process
The sensor consists of three components: a borofloat 33 glass substrate (University Wafer, Inc.), a SiN diaphragm (Norcada), and a bonding layer of SU-8 (Microchem Corporation). A schematic of the fabrication process is shown in Fig. 4 . First, an 80 nm layer of SiN was deposited on a 200 μm thick glass wafer using plasma enhanced chemical vapor deposition (PECVD) (Oxford Plasma Lab 80). After dehydration bake, SU-8 2010 was spun on the glass wafer in two steps to create a uniform coating layer: 500 rpm for 10s and 3000 rpm for 30s. The wafer was soft baked at 65°C for 5 min and 90°C for 10 min. Exposure was performed using a mask aligner (EVG6200) at 13W for 30 seconds. Post exposure bake was performed at 90°C for 10 min followed by development in SU-8 developer for 3 min with light agitation. After development, a stylus profilometer (Dektak 150) was used to verify the uniformity and thickness of the 10 μm SU-8 layer. The glass wafer was then diced down to 5×5 mm squares using wafer saw dicing (DISCO).
Thereafter, a 200 nm thick, 500 × 500 μm SiN diaphragm mounted on a silicon substrate (Norcada) was aligned and bonded to the glass/SU-8 substrate under 4 MPa and 200°C for 2 hours. Next, medical-grade epoxy (EPO-TEK 301-2) was applied on the outer edge of the SU-8 layer to reinforce bonding strength between components. The size of the cured sensor was then reduced to 1.5 mm × 1.5 mm using blade dicing. Finally, the sensor was coated with 1 μm Parylene-C (SCS Labcoter 2), a common biocompatible polymer used in many encapsulation processes for implantable devices. Photographs of the sensor are shown in Fig. 5 .
B. Experimental Set-Up
To evaluate the use of the sensor for the measurement of small changes in intraocular pressure, we first investigate the response of the sensor in an environment that represents the environment of eye.
This was done using the experimental set up shown in Fig. 6a . The set up consists of a microscope (Mitutoyo), 
The temporal coherence length of the light was determined to be 330 μm which is sufficient to generate high quality interference patterns in our sensor. The intensity of the light delivered to the sensor was 2 μW (Newport). The camera was mounted to the microscope to capture the reflected light from the sensor as it travels through the beam splitter. The artificial anterior chamber was connected to a pressure regulated water column to adjust the fluid pressure inside the chamber. The sensor was secured inside the artificial chamber during testing to reduce motion-induced noise as the pressure is varied. As various pressure loads were applied, the interference patterns were captured and processed using MATLAB image analysis algorithms.
C. Artificial Cornea Preparation (In-Vitro)
In the in-vitro experiments, silicone corneas (Fig. 7a) were used. The silicone corneas were molded on a steel sphere with a radius of 8 mm to reflect the radius of curvature of a human eye. Silicone rubber (Dow Corning 734) was poured onto the steel sphere and allowed to coat the surface of the sphere under the effect of gravity [34] . After the silicone was fully cured (48 hr.), the top of the silicone mold was removed and mounted on the artificial anterior chamber for in-vitro testing.
D. Rabbit Cornea Preparation (Ex-Vivo)
For ex-vivo testing, rabbit corneas with a 2 mm scleral rim were harvested from New Zealand white rabbits (Fig. 7b) . The corneas were immediately stored in phosphate buffer solution (PBS) at 4°C to preserve the tissue. Similar to the procedure for the in-vitro investigation, the rabbit corneas were mounted on the artificial chamber for ex-vivo testing. The artificial anterior chamber was filled with water and pressurized, creating a 3-mm layer of fluid between the sensor and the cornea as shown in Fig. 7c .
V. EXPERIMENTAL DESIGN AND RESULTS
A. In-Vitro Sensor Testing
Hydrostatic pressure in the artificial anterior chamber was varied from 0 mmHg to 60 mmHg using a step size of 1 mmHg. In Fig. 8 , in-vitro results of the sensor response to various pressure loads inside the anterior chamber are shown. The appearance of a fringe pattern at 0 mmHg pressure load indicates that the pressure inside the cavity was different from atmospheric pressure. This pre-deflection of the diaphragm is caused by curing at high temperature during fabrication.
Using image processing algorithms (MATLAB and ImageJ), we analyzed the fringe patterns to determine the maximum deflection of the sensor diaphragm as a function of the applied pressure (Fig. 9) . A third order polynomial curve fit was performed on the experimental data to produce a calibration curve. The sensitivity of the sensor was determined to be 31 nm/mmHg. The resolution of the sensor, i.e., the minimum change of IOP it can detect, depends on the minimum deflection of the diaphragm that can be captured. With the current image processing algorithm, a resolution of 0.2 mmHg was achieved.
Next, the sensor was subjected to three pressure load cycles from 0 mmHg to 60 mmHg with a step size of 5 mmHg. Using the calibration curve, the measured pressure was determined and compared with the applied pressure. As shown in Fig. 10 , the measured pressure agrees well with the actual pressure with an average error of ±0.3 mmHg.
B. Ex-Vivo Rabbit Cornea Testing
The mechanical properties of the silicone cornea and a real cornea are different. For this reason, we evaluated the response of the sensor using excised rabbit corneas to demonstrate the use of our sensor for measuring intraocular pressure. Using the experimental set-up shown in Fig. 6 , we replaced the silicone cornea with the excised rabbit cornea and measured the sensor Measured pressure versus applied pressure for ex-vivo (rabbit cornea) pressure measurements using the optical pressure sensor. response for those conditions. In this experiment, the chamber was first filled with phosphate buffer solution (PBS). Next, hydrostatic pressure was varied from 5 mmHg to 45 mmHg using a step size of 5 mmHg for three load cycles. A minimum pressure load of 5 mmHg was found to be necessary to keep the rabbit cornea inflated. Images of the interference pattern were captured at each pressure load and analyzed.
The calibration curve obtained from the in-vitro experiment with the silicone cornea was used to analyze the response of the sensor ex-vivo (Fig. 11) . We observed very good agreement between the actual pressure and the measured pressure with an average error of ± 0.6 mmHg.
C. Incident Angle Consideration
Normal incident angle is ideal for sensor readout and can easily be controlled during in-vitro testing. However, in real application, a variation in the incident angle may occur and could affect sensor readout. To study this, we next investigated how the change of the incident angle affects the optical readout of the sensor.
To do this, we varied the hydrostatic pressure from 0 mmHg to 60 mmHg using a step size of 5 mmHg, and changed the angle of incidence using a goniometer stage (Chuo Precision Industrial). Fig. 12 (a-d) shows the interference patterns for the same pressure for angles of incidence 0°, 3°, 6°and 7°, respectively. Well-defined fringes can be seen for an angle of incidence up to 6°. Clearly, the images obtained at increasingly larger angles of incidence are appear darker due to the smaller amount of reflected light travelling back to the objective lens. However, we observed that the total number of fringes remains constant. The average errors of our pressure measurements for angles of incidence at 0°, 3°, and 6°were calculated to be ±0.2, ±0.5 and ±1.4 mmHg, respectively. Images captured at incident angles larger than 6°were more difficult to analyze due to their low visibility (Fig. 13) . As shown in Fig. 14 , measurements taken at incident angles different from normal tend to underestimate the actual pressure slightly. These results indicate that while the incident angle may affect the quality of the optical read-out, the interference patterns are consistent for up to ±6 degrees. Thus, it will be desirable to keep the variation of incident angles less than 6°. Fig. 15 . Portable handheld reader for optical pressure measurement system. Fig. 16 . In-vitro pressure measurement using the handheld reader with a CMOS camera and a smartphone camera.
D. System Integration
A portable handheld reader was designed and built to capture the response of the sensor. The unit consists of an objective lens (Mitutoyo Apo 5×), a beam splitter (Thorlabs CCM1-BS013), a 635 nm LED light source (Thorlabs LED631E), a 5 nm bandpass filter (Thorlabs FLH633-5) and a camera (Fig. 15) . We have tested the handheld reader with the same 1.3MP CMOS camera used previously in our bench top setup and with an 8MP smartphone camera (Honor 6+). In-vitro pressure measurement obtained using the handheld reader with both camera types are shown in Fig. 16 . The results shown very good agreement between measured pressure and actual pressure, with an average error of less than ±0.2 mmHg for both camera systems.
VI. DISCUSSION
Our experimental pressure measurements for in-vitro and ex-vivo testing using our optical sensor have shown excellent results. The sensor measured simulated intraocular pressure in the physiological range between 0 mmHg and 60 mmHg with an average error of ±0.3 mmHg for in-vitro experiments and ±0.6 mmHg for ex-vivo experiments. We believe that the difference in error between both tests can be attributed to damage of corneal endothelium cells during harvesting and storage. Over time, this may cause the cornea to become cloudy which reduces the visibility of the fringes and contributes to larger measurement errors, as observed in our ex-vivo results.
For testing purposes, the incident angle used in our experiments was normal to the sensor surface. In actual application, the incident angle may vary and would have to be accounted for using a combination of a fixation point to limit eye movement, robust image processing algorithms to accurately distinguish interference fringes, and a slit lamp to position the optical unit.
In real applications, preoperative calibration should be performed on each sensor prior to implantation to account for manufacturing tolerances. It is important to obtain a calibration curve associated with each sensor and to compensate fabrication variations such as pre-deflection and residual stress of the diaphragm. Postoperative calibration can be tested by verifying the sensor readout with standard clinical IOP measurement techniques such as the Goldmann applanation technique.
We would like to point out that the square foot print of our sensor was chosen purely based on manufacturing cost considerations. A circular foot print would allow the reduction of the size of the sensor to about 1 mm in diameter without any additional changes in the manufacturing process. A circular footprint of 1 mm would be well within the desired size of an implantable intraocular sensor.
Future work will include in-vivo experiments with rabbit eye models to assess biocompatibility and bio-stability of our sensor. To conduct these studies, optimal sensor placement must be considered and integration of the sensor onto the intraocular lens must be performed. In addition, reducing the sensor footprint to sub-millimeter size using laser dicing without comprising sensor accuracy will be important for ease of implantation.
VII. CONCLUSION
In this paper, the design, fabrication and testing of an optical pressure measurement system based on the principle of interferometry was presented. The sensor, a 1.5 × 1.5 mm hermetically sealed, biocompatible, and wireless unit has been tested in in-vitro and ex-vivo environments. The handheld reader has been demonstrated to be a viable approach for clinical applications of intraocular pressure measurement with a smartphone.
With recent advances in nanotechnology enabling great progress in the design and fabrication of MEMS devices, the use of interferometry is advantageous in developing a passive sensor. We envision the technology to impact both clinical and scientific environments as a sensitive measurement tool to determine intraocular pressure. While the exact cause and biological mechanisms of glaucoma or fluctuations in eye pressure have yet to be fully understood, we believe that with future improvements, optical pressure measurements have the potential for providing valuable information in the understanding of the natural patterns and physiological behaviors within the eye.
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